Micro and nanotechnology can potentially revolutionize drug delivery systems. Novel microfluidic systems have been employed for the cell culture applications and drug delivery by micro and nanocarriers. Cells in the microchannels are under static and dynamic flow perfusion of culture media that provides nutrition and removes waste from the cells. This exerts hydrostatic and hydrodynamic forces on the cells. These forces can considerably affect the functions of the living cells. In this paper, we simulated the flow of air, culture medium, and the particle transport and deposition in the microchannels under different angles of connection inlet. It was found that the shear stress induced by the medium culture flow is not so high to damage the cells and that it is roughly uniform in the cell culture section (CCS). However, the local shear stresses in the other parts of the microchip differ by changing the angles of the connection inlet. The results showed that the particle deposition was a function of the particle size, the properties of the fluid, and the flow rate. At a lower air flow rate, both small and large particles deposited in the entrance region and none of them reached the CCS. Once the airflow rate increased, the drag of the flow could overcome the diffusion of the small particles and deliver them to the CCS so that more than 88% of the 100 nm and 98% of the 200 nm particles deposited in the CCS. However, larger particles with average diameters in micrometers could not reach the CCS by the airflow even at high flow rate. In contrast, our findings indicated that both small and large particles could be delivered to the CCS by liquid flow. Our experimental data confirm that microparticles (with diameters of 5 and 20 μm) suspended in a liquid can reach the CCS at a well-adjusted flow rate. Consequently, a liquid carrier is suggested to transport large particles through microchannels. As a powerful tool, these numerical simulations provide a nearly complete understanding of the flow field and particle patterns in microchips which can significantly lower the trial and error in the experiment tests and accordingly save researchers considerable cost and time for drug delivery to the cell in the microchip by micro/ nanocarriers.
Introduction
Microfluidic systems have significantly extended the in vitro investigation of healthy and cancer cell growth, diagnosis, treatment, drug delivery, and particle toxicity effect in the various organs of the human body [1] [2] [3] [4] . These microdevices can mimic the small terminal lung airways on real-time and dimensional scales. A number of papers investigated the injury of the lung cells during the reopening process of the blocked airways due to the lung infection both experimentally and numerically using a bubble moving in the microchannels [5] . The impact of the pulmonary surfactant which is a liquid mixture of lipids and proteins that fill the alveolar space and cover the cells was examined in a microchip and shown that it lowers the surface tension on the cell at the air/liquid interface [6] . The rupture of the alveolar sac and cell death in the mechanical ventilation were modeled in a microfluidic device in which the cells were exposed to the fluid stress induced by cyclic propagation of air-liquid interface and experienced solid mechanical stresses by stretching the wall of the microchip [7] . The reaction of lung cells to the bacteria, inflammatory cytokines, and silica nanoparticles [8] , as well as the effect of the alveolar wall motion on the liquid secretion in pulmonary edema, a common disease caused by excess fluid in the lungs, was also modeled using microfluidic devices [9] . Many researchers were interested in investigating the responses of the pulmonary cells exposed to drug or pollution particles [10, 11] . The inhaled nanoparticles can follow the airflow and reach the alveolar sacs and cause cells to decompose or enflame [12, 13] . Particle deposition in the airway dramatically depends on the size of the particle and the air flow rate [13] [14] [15] [16] [17] . To deliver particles to a given location in previous works, the particles had been first suspended in a liquid, and then, the suspension was introduced into the cells [18, 19] . Considering the in vivo condition, however, lung epithelial cells are exposed to the aerosol during breathing. Thus, it is desirable to mimic a condition similar to that in in vivo by introducing the particle suspended in the air through microchannels [16, 17] .
Cells in the microfluidic network are under static and dynamic perfusion of culture media or other liquid reagents. The flow field in microchannels exerts hydrostatic and hydrodynamic forces on the cells. As a living organism, cells sense and respond to the external forces exerted on them [20, 21] . For example, the shear stress induced by continuous flow causes mechanical and morphological changes such as activating signaling pathways of cell proliferation [22] , differentiation [23, 24] , adhesion [25] , and migration [26] . Comprehensive understanding of the forces exerted on cells in cell culture devices is a crucial factor to optimize the design performance. Computational fluid dynamic technique is a powerful tool not only to capture the detail of the mechanical event such as flow field, force, pressure, and particle deposition [27, 28] but also to predict the physiological aspect, including nutrition, waste, and gas concentration fields in the microchannels [29] [30] [31] [32] [33] [34] .
Commonly uncomplicated geometries have been used for the microchannel in lung-on-chip microdevices [1, 2] . All of the microchannels have a simple horizontal duct in which cells can be cultured while they are connected to inlet and outlet microchannels with different connection angles. The previous works that were concerned with the lung cell culture on the microchannel investigated the effect of the mechanical force such as liquid/water interface movement. However, the impact of different connection angles (between the inlet and the cell culture microchannel) in the flow field and the forces that exert on the cells have not reported yet. As the flow field is a function of the geometry of the channel, the hydrodynamic forces on the cells may differ in microchannels with different inlet connection angles. Moreover, all the previous works investigated the impact of the drug or toxic particles on cells experimentally.
To the best of our knowledge, particle simulation has not been reported for lung-on-chip microchips. Further, to transport particles effectively, a comprehensive understanding of the particle behavior, local and overall deposition in microdevices is needed. These topics are the main focus of the present work. In this paper, we will first investigate the effect of various inlet connection angles on the flow field. Next, we will evaluate particle transport and deposition in microchannels. The particle transport will be simulated for both air and liquid carriers, and the effect of particle size and the flow rate in the local and overall particle deposition will be studied. To our best knowledge, this is the first time that the particle transport and deposition in the microchannels of the lung-on-chip microdevices are studied numerically. Finally, by using a liquid carrier to transport microparticles to cell culture section, we will experimentally verify our numerical simulation. The results of the present paper can provide detailed information regarding the forces and stresses that are exerted by the flow on cells. This can help researchers to control the hydrodynamic forces in the microchannel to keep the cells safe in shorter time and lower cost compared to the time-consuming and expensive cell culture experiments. Moreover, the results of particle patterns in the microchips are especially useful in developing the drug delivery to cells using nano/macro carriers. Figure 1 represents a schematic of the microchannels which are commonly used in the pulmonary cell culture microfluidic platforms, e.g., in Refs. [9, 35] . Two vertical cylinders represent the input and output for the flow. The fluid passes through the inlet and reaches the cell culture section (CCS) that is the horizontal part of the microchannel. CCSs are identical in all the configurations, but the cylinders of the inlet and outlet are joined with different angles with respect to the CCS. Ch0, Ch45, and Ch90 are the samples in which CCS is connected to the inlet channel with 0, 45, and 90°angles, respectively. We were interested in the distribution of the shear stress on various parts of the microchannel and the impact of the angle of the inlet connection on particle deposition. Also, to estimate the possibility of generation of radial flow over the cells, a cavity was embedded at the bottom of the microchannel as the CCS, and the inside flow field was simulated. The height of the microchannel is 100 μm, and the cavity has a dimension of 100 × 1000 × 1000 μm.
Materials and methods

Numerical simulation
Governing equations
In general, flow in the microchannel is laminar because of the small dimensions, low velocity, and low Reynolds number [36] . Therefore, the flow governing equations are continuity and momentum equations as expressed in Eq. (1) and Eq. (2), respectively.
where u ! is velocity vector, P is pressure, and ν and ρ are density and kinematic viscosity, respectively. Eq. (1) and Eq. (2) were solved for air and medium flow in different microchannels. Physical properties of the fluid were considered at the culture temperature of 37°C. Dulbecco's modified Eagle's medium (DMEM) used in this study is a Newtonian, homogeneous, and non-compressible fluid [37] . The flow conditions should provide nutrients to the cells and also produce shear stress within the range of 0.2-20 dyn/cm 2 since high stress can damage the cells [38] .
Dimensional analyses demonstrate that the significant forces exerted on the particles are drag force, Brownian force, and gravity [39] . The particle transports were modeled by Lagrangian approach:
where u p is the particle velocity, F D is the drag force, F b is the Brownian force, g is the gravity acceleration, and ρ p is the particle density. Drag force, F D , is calculated as:
where μ is the fluid viscosity, u rel = u fluid − u p , and d p is the particle diameter; for more information, interested readers can refer to Hinds [40] . Brownian force, F b , is calculated as:
Here g o is a random number with a Gaussian distribution, Δt is the time step, and S o is the spectral intensity computed as:
where k is the Boltzmann constant, T is the fluid temperature, m is particle mass, and τ is particle relaxation time. Detailed procedure to estimate spectral intensity is provided by Zhang and Ahmadi [41] . We assume that the impact of particles on the flow is negligible. Thus, the airflow field was simulated first. Then, particle trajectories were calculated. 3D computational domains with about 500,000 hexahedral elements for each sample were created (Fig. 2 ). Finer grid study shows that the results of flow field were independent of the grid number for about 950,000 cells and higher computational grids. No-slip boundary condition was imposed on the channel walls. By applying the finite volume formulation, a set of algebraic equations was integrated over each control volume of the discretized computational domain. The equations were then solved by the SIMPLE algorithm. The particles were injected uniformly at the inlet. Optimum particle dispersion is a uniform release which had been shown in our previous work for the particle transport in a complex model of the human nasal airways [13] . Particle deposition efficiency was defined as the ratio of the trapped particles in the microchannel to the number of the initial particles injected from the inlet. To investigate the independence of the particle deposition efficiency from the tracked particle quantity, various amounts of particles were traced. It was revealed that the deposition efficiency was independent of the amount of the injected particles for the particle number higher than 2000. The time step of the particle trajectory was typically one order of magnitude smaller than its relaxation time. We assume that if the distance between the particle center and the wall was less than or equal to the particle radius, the particle can be trapped on the wall, and the particle rebounding is negligible. More details regarding the validity of this assumption can be found in our previous publication [13] .
Experiment
Materials
The microchip was made of polydimethylsiloxane (PDMS) (SYLGARD® 184 SILICONE ELASTOMER KIT) that was purchased from Sigma-Aldrich (USA). Human lung cancer cell line (A549) was obtained from the cell culture laboratory of the Sharif University of Technology. Dulbecco's modified Eagle's medium (DMEM) was provided by SigmaAldrich.
Fabrication of microchannels
First, the master mold of the microchannel was created on a sheet of polymethylmethacrylate (PMMA) using a computer numeric control machine. As shown in Fig. 3 , the width and the height of the microchannel at the cell culture section of the device were 1000 and 100 μm, respectively. Then, PDMS prepolymer was mixed with its curing agent in a weight ratio of 10:1 and poured on the PMMA master mold. The mixture was subsequently degassed for 20 min in a vacuum chamber and baked for 2 h at 75°C in a vacuum oven. After curing, the PDMS channel was peeled off and bonded to another flat PDMS slab. To facilitate the bonding, the PDMS slabs were treated with oxygen plasma for 15 s.
Results and discussion
Numerical simulation
Airflow
Considering the in vivo conditions, lung epithelial cells are in contact with inhaled air. To mimic this condition for the cultivated cells in the microchannels, the airflow was simulated with two different values of inlet velocity (i.e., 0.612 and 0.1 mm/s) which corresponded to the airflow in alveolar duct and alveolar sac, as reported by Herman [42] . Figure 4 shows the contours of the shear stress on CCS in microchannels with 0°, 45°, and 90°connection angles for microchannels Ch0, Ch45, and Ch90, respectively. The distribution of the shear stress on CCS, where the cells are located, is almost uniform in all the cases except in a small reign where the CCS connected to the inlet microchannel for Ch45 and Ch90 that can be ignored (Fig. 4) . Therefore, all the cells in microchannels with different connecting angles sense almost the same amunt of shear stress. Consequently, shear stress gradient does not affect the culture condition. It implies that different angles of the inlet connection with respect to the CCS do not affect the shear forces on the cells, and the cells are under the same mechanical conditions. In addition, the average values of Fig. 3 The master mold of the microchannel was created on the PMMA. The width and height of the channel were fixed at 1000 and 100 μm, respectively Inlet outlet Fig. 2 Grid generation in two optional planes A and B. 3D computational domains with approximately 500,000 hexahedral elements for each sample were created. The grid was created finer near the walls to capture more accurately the flow fluid and particle tracking shear stress on the CCS are about 0.018 and 0.111 dyn/cm 2 for the velocity inlet of 0.1 and 0.612 mm/s, respectively, which are smaller than the maximum allowable value, the range of 0.2-20 dyn/cm 2 [38] . Although the shear stress distribution is uniform and similar in the CCS of all different channels at a given flow rate, according to the data in Table 1 , Ch90 has the highest values of the maximum local stress which are approximately 10% higher than those in the other channels for both velocity inlets. It may affect the cell during injection which will be discussed in detail in the next section (BMedium flow^). Comparing the values of shear stress for different values of inlet velocity in Table 1 , it is evident that increasing the inlet velocity from 0.1 to 0.612 mm/s (almost increasing six times) can increase the shear stress values about six times in each microchannel. That is because the flow in the microchannel is laminar, and there is a linear relationship between the flow rate and the shear stress in the internal laminar flow.
Medium flow
The culture medium feeds cells, discharges waste, and delivers drug and reagents to the cells. According to the Horsfield's model [43] , blood flow rate of the pulmonary capillary is approximately 0.56 μl/h. However, the literature usually reported a flow rate in the range of 20-30 μl/h for culture medium in the microchips [44] . Here, both orders of the reported flow rates, i.e., of 0.56 and 20 μl/h were simulated corresponding to input velocity of 0.2 and 7.1 mm/s, respectively. The average values of shear stress in all the CCS for different microchannels were the same (Fig. 5) .
The maximum velocities in the CCS, where the cells are embedded, are obtained as 0.56 and 29.11 mm/s respectively. These values are higher than the capillary blood velocity, which was estimated to be 0.064 mm/s, based on the Horsfield's model [44] . To create a more realistic microenvironment, the speed of the blood or air in the vicinity of the cell should be considered which can be adjusted by changing the size, geometry, and other mechanical parameters of the microchip. Distribution of the shear stress in different cross-sections of the microchannel Ch90 for culture media flow with a velocity of 7.1 mm/s is shown in Fig. 6 . In a plane perpendicular to the flow direction in the CCS, maximum shear stress occurs on the walls. It decreases as the distance from the walls increases and becomes zero in the center line of the microchannel. In this plane, adherent cells to the wall receive the maximum shear stress, and suspended cells or particles are under lower shear stress. Although the average values of shear stress in all the CCS for different channels were the same, the maximum local stress differs in each microchannel (Fig. 6) . The maximum stress occurs where the flow turns sharply. Although it is far from the CCS, the cells can experience this high stress when they are being injected into the microchannels. As a result, the cells in the CCS may experience different initial conditions which in turn may affect the experimental outcomes and should be taken into account.
Data in Table 2 indicates that similar to the air flow, maximum local stress occurs in channel Ch90 which is almost 10% higher than that in the other microchannels. It is interesting to note that for all the flow rates in these ranges, the difference among the maximum local stress is almost 10% and does not depend on the flow rate. The maximum values of shear stress were 0.061 and 2.16 dyn/cm 2 for the inlet velocity of 0.2 and 7.1 mm/s, respectively. These values are in the allowable range of 0.2-20 dyn/cm 2 [38] . The flow rate of 100 μl/h was also simulated which corresponded to the inlet 2 for the Ch90 which is still in the safe range of the shear stress for the cells. The high flow rate has more considerable drag and can to push the large micron particles into the microchannel which will be described in next section (BParticle deposition in culture media^).
Cavity flow
In all the above microchannels, the cells were cultured in the horizontal plane of CCS, and flow passed through them horizontally. However, recent studies have proved that the streamline of the air in the alveolar sac is radial [45] , which means that lung alveolar epithelial cells are under vertical flow during the breath. To create a model of radial flow over the cells, we designed a cavity at the bottom of the microchannel as the CCS as shown in Fig. 7b The height of the microchannel is 100 μm, and the cavity has a dimension of 100 × 1000 × 1000 μm. The air flow field simulation for that case indicated that there was no significant vortex in the cavity due to the low flow velocity. Besides, radial streams are created only in a very small region at the corners of the cavity which is ignorable compared to the cavity floor area. In addition, the average shear stress in the cavity is approximately equal to that in a microchannel with 200 μm height without cavity ( Fig. 7 and Table 3 ).
The data in Table 3 indicates that for both values of the flow rate, the shear stress in the cavity with the height of 100 μm connected to a 100-μm height microchannel (abbreviated as Ch0-Cav100) is identical with the shear stress in a larger planar microchannel without cavity with a height of 200 μm (abbreviated as Ch0-200mic). As illustrated in Fig. 7 , the height of the planar microchannel is equivalent to the sum of both cavity and microchannel height. The flow field of Ch0-Cav100 is almost identical with the flow field of Ch0-200mic. Due to difficulties in both fabricating a microchannel with cavity and chemical sampling in small quantity, using a cavity with a rigid wall is not recommended as an in vitro model.
Particle deposition in air flow
Researchers are interested in drug delivery using micro and nanoparticle as the drug carrier in the inhalers for the respiratory system [46] . In order to study aerosol behavior in a microchip, the air flow containing particles with different diameters was simulated numerically. Uniformly dispersed particles were released from the inlet surface into the flow, and then the amount and location of the particle deposition were investigated. Figure 8 demonstrates local deposition of particles with diameters of 1, 12, 36, 100, 200, and 500 nm spreading in the air flow with a velocity of 0.1 mm/s.
Although particle deposition efficiency of the microchannel was 100% for all particle diameters, only a handful of 200 nm particles could arrive at the CCS (Fig.  8e) . Small diffusion-dominant particles (1, 12, 36, and 100 nm particles) deposited at the beginning of the inlet because the flow drag cannot overcome their diffusion. Consequently, they cannot reach the CCS (Fig. 8a-d) . A small portion of the large particles (500 nm particles) was deposited by diffusion on the vertical wall of the inlet cylinder. These particles were brought with the streamline near the wall. The remaining particles were trapped at the bottom of the cylindrical inlet where the flow turns 90° (Fig. 8f) . Because of high inertia of the large particles, they were unable to follow the flow and reach the CCS. Where the flow direction changes dramatically, the inertia of the particle dominants the drag of the flow and particles are not able to follow the flow and will be trapped on the wall. Particles with diameters of 1, 3, and 5 μm were also modeled that behaved similarly to 500 nm particles (data not shown). To deliver the particles to the CCS, a higher flow rate corresponding to inlet velocity of 0.612 mm/s was simulated. Increasing flow velocity overcame the diffusion of the small particles (1, 12, 36 , 100, and 200-nm particles which is diffusion-dominant particles) and pushed them to the deeper regions so that approximately 98% of 200 nm particles and 88% of 100 nm particles reach the CCS as shown in Fig. 9 . However, increasing the flow velocity increased the particle inertia and the larger particles (500 nm and 1, 3, and 5 μm) with dominant inertia were not able to reach the CCS, and they were trapped in the conjunction of the vertical cylinder to the horizontal microchannel, as illustrated in Fig. 8f .
The results suggest that the deposition efficiency of the channel is almost 100% for all particles. However, in the first case with the inlet velocity of 0.1 mm/s, none of the 100 nm particles reached the CCS. By increasing the inlet velocity to 0.612 mm/s, 88% of 100 nm particles deposited in the CCS. In the experiment, it is important to deliver the particle to the cells to evaluate the toxicity or therapy effect of the particle. For example, if 100 nm toxic particles are introduced to the cells cultured in the microchannel using the air inlet velocity of 0.1 mm/s, all the 100 nm particles will be deposited in the Fig. 7 Cavity embedded in the microchannel. a Ch0-100mic, the simple microchannel without cavity with a height of 100 μm. b Ch0-Cav100, the microchannel with a cavity, the main microchannel has a height of 100 μm, and the cavity has a height of 100 μm. c Ch0-200mic, the simple microchannel without cavity with a height of 200 μm microchannel, and the escaping particles from the outlet will be zero. However, in that case, none of the particles can reach the cells on the CCS. Consequently, there must have been no toxic effect on the cells since they do not receive any toxic particles. Therefore, a misinterpretation might have happened, i.e., concluding nontoxicity for the introduced 100 nm particles while they are naturally toxic. Conversely, the injected 100 nm toxic particles by a higher air flow of 0.612 mm/s would have revealed the toxic effect of them on the cell because in this condition most of the particles could have reached the CCS. Our numerical results recommend that to more accurately evaluate the effect of aerosol delivery to cells, particle behavior should be simulated and appropriate air flow rate should be estimated first.
The simulation results can also estimate the time that a given number of particles can be trapped on the walls or escape from the outlet. Table 4 indicates that the time for different particles is a function of particle diameter as well as the flow rate. In a constant flow rate, smaller particles deposit faster than larger ones because of their faster random motion in the air. For a given particle size, increasing the flow rate will result in increasing the drag force of the flow on the particle and push them to the horizontal microchannel where the dimension is small (compared to that of the inlet cylinder), and they are trapped on the wall faster. The inlet cylinder has a diameter of 1 mm, and its volume is much larger than the horizontal microchannel. Therefore, most of the particles are far away from the wall in the inlet cylinder, and the particles need more time to reach the surrounding wall. For the inlet velocity of 0.1 mm/s, the particles remain suspended in the flow for a longer time while they travel a shorter distance in the vertical cylinder (Fig. 8) . That is mainly because in such low air flow, the particle deposition is dominated by the diffusion. Whereas increasing the inlet velocity to 0.612 mm/s can force particles to penetrate to the horizontal microchannel and increase the rate of their deposition.
Flow
Inlet CCS dP = 1nm dp = 12nm dp = 36nm dp Increasing the air flow rate can push the diffusiondominant particles to reach the CCS. However, the airflow is not able to carry the inertia-dominant particles to reach the CCS. Therefore, a liquid phase such as culture media should be used to carry larger particles to the cells. The reason is that the drag of the liquid flow is larger than that of the air flow while the diffusion of the particles is smaller in the liquid flow compared with that in the air flow.
Particle deposition in culture media
From an experimental perspective, particles are commonly suspended in a liquid material such as culture media, and then the suspension will be injected into the microchannels [9] . In this paper, suspension of particles in culture media with various particle sizes in different values of flow rate was simulated numerically. The behavior of particles and their local and total deposition strongly depend on the flow rate of culture media and particle diameter. As demonstrated in Fig. 10 , for the inlet velocity of 0.2 mm/s, a large number of small particles (d ≤ 700 nm) are aligned with the streamlines and carried with the flow and discharged from the outlet. In this case, the drag of the flow is dominant to the diffusion of the particle, and consequently, they travel with the flow (Fig. 10) . Only a small number of the particles, which are aligned on the streamlines near the walls, are trapped on the wall as the flow turns sharply in the conjunctions of the horizontal channel with the vertical inlet and outlet cylinders (Fig. 10) . Under such circumstances, continuous flow pushes most of the suspended particles to the outlet port and particle deposition is very low compared with the injected particles. To increase the particle deposition, in experiment, after injecting particle suspension into microchannel, the flow will be shut off to allocate a time so that the particles can settle down on the cells [9] . To model that condition, the particles were released from two vertical and horizontal planes as shown in Fig. 11 and Fig. 12 . It is assumed that the flow is stagnant, and the particles have the initial velocity of the fluid flow where they were initially located. For example, all of the 700 nm particles located in a vertical plane were deposited in less than 5 s (Fig. 11) . Most of the particles initially located in the horizontal plane on top of the horizontal microchannel are settled under the floor due to gravity (Fig. 12) . Only a small number of the particles near the outlet cylinder follow the path line to go out. These particles are negligible compared to the deposited particles. For large particles (d ≥ 1 μm), the drag of the flow of the inlet velocity of 0.2 mm/s is not able to push the particle out of the microchannel. As illustrated in Fig. 13 , larger particles (1, 2, and 4 μm) are trapped in the earlier region of the microchannel, and only small amount of 1 μm particle can reach the CCS. Therefore, larger particles (d ≥ 2 μm) are not able to reach the CCS with a velocity inlet of 0.2 mm/s. To carry larger particles in the microchannel, the inlet velocity should be increased to increase the flow drag on the particles and drive them to the CCS. For example, 5 μm particles are carried with the flow with the inlet velocity of 7.1 mm/s that behaved similarly to 700 nm particles in the flow with inlet velocity of 0.2 mm/s (Fig. 10) . The result indicated that both particle diameter and the flow rate should be adjusted to carry a desirable number of the particles to the CCS. Thus, for drug delivery assay, the flow rate must be adjusted according to the available particle size to maximize particle deposition on cells.
Experimental study
Our numerical simulations show that although the airflow is not able to transport large particle (d ≥ 1 μm) to the CCS, the medium culture flow can bring large particle (d ≥ 1 μm) to the CCS. As an experimental model, lung cancer cell line (A549) and ink particles as the micron-size particles (5 and 20 μm, respectively) were suspended in the culture media, and then were injected into the microchannel by a syringe pump (Fig. 14a) . The suspension of lung cancer cell line (A549) in Table 4 The time it takes to reach all the particles from the inlet to the When the flow was observed in the outlet port, the pump was switched off, and the microchannel was observed under an optical invert microscope (Fig. 14b) . A549 cells are particles with an approximately 5 μm diameter when they are suspended in a liquid. As in our numerical simulation, it was shown that the inlet velocity of 7.1 mm/s is able to bring large inertia-dominant particle to the CCS. This case was chosen to validate our numerical results. Figure 14c demonstrates a uniform distribution of A549 cells in the CCS. The living cells are really loose so they do not stick to each other or to the walls, and they reach the CCS with their initial concentration. Using the same experimental set-up, in another experiment, the ink particles with larger diameters (around 20 μm) were diluted in the culture media and then injected into the microchannel with the flow rate of 20 μl/h (Fig. 14d ). In accordance with our numerical simulation, the ink particles (whose diameters are more than 1 μm) could reach the CCS of the microchip. The experimental results showed that most of these particles penetrated to the CCS while some of them were trapped in the initial regions, and some others accumulated to each other and formed lager particle (50 μm). In our simulation, the accumulation of the particle was ignored. It can be taken into account to mimic a more realistic situation of sticky particles as a future work. The experimental data validated our numerical simulation for the large inertia dominant particle. Experimental tracking of smaller particles (i.e., nanoparticles) is costly and requires sophisticated instrument which are not available in most laboratories. This signifies the importance of conducting numerical simulation for nanoparticle tracking.
Conclusion
The flow field of the microchannels of lung-on-chip microdevices was simulated for the flow of air and medium culture under different flow rates. We evaluated the impact of various geometrical parameters including the different angles of the connection inlet to the cell culture section on the flow field and the shear stress distribution on the microchannel. Next, we simulated nano and microparticle deposition inside Fig. 11 The 700 nm particles were released from a vertical plane and all of them were deposited in less than 5 s. The initial velocity of the released particles was equal to the flow field corresponding to the inlet velocity of 0.2 mm/s Fig. 12 Local deposition of the 700 nm particles released from a horizontal plane (shown in dark color). The initial velocity of the released particles was equal to the flow field corresponding to the inlet velocity of 0.2 mm/s the microchannel under various conditions. The numerical results were experimentally validated by microparticle transport to the fabricated microchannel by medium culture as the carrier.
The flow field simulation indicated that for a given mass flow rate, uniform and equal shear stress distribution occurred in the cells on the cell culture section in both air and medium culture flow. Although the shear stress on the cell culture section was the same, the local shear stress was different in various microchips. The maximum local shear stress occurred in the microchannel with 90°connection angles where the flow turns sharply as the geometry of the microchannel changed. Although that site is far from the cell culture section, high local shear stress can damage the suspended cells before reaching the cell culture section. As a result, our simulation emphasizes that prior to experimentally introducing the cell suspension into a microfluidic device, the values of local shear stress must be taken into account by the aid of computational fluid dynamic simulation to keep the cells safe and healthy during cell seeding into microdevice. Particle modeling demonstrated that the number and the location of the trapped particles were a function of the flow rate and the particle diameter. For a given air flow rate, the overall particle deposition efficiency of the microchannel was 100% for all particles while the local particle deposition was completely different. In other words, although all the particles were trapped in the microchannel and none of them was observed in the outlet, only a small portion of them could reach the cell, and most of them were deposited in the entrance regions. For the aerosol, the high flow rate of air can transport the small diffusiondominant particles (d ≤ 700 nm) to the cells. However, the airflow is not able to bring large inertia particles (d ≥ 1 μm) to the cell culture section. By optimizing the flow rate and the size and shape of the microchannels, the desired number of particles can be delivered to the cells. Nevertheless, large aerosols with micron-size diameters cannot reach the cell culture dp = 1µm dp = 2µm dp = 4µm The enlarged view of the microchip which shows the inlet and outlet ports and CCS, c A549 cell (5 μm) in CCS and d ink particle (20-50 μm) in CCS section even at high air flow rates. The numerical simulation demonstrated that the large inertia particles could reach the cells by using a liquid flow carrier. The experimental results for the large micron-size particles suspended in a liquid proved that the liquid flow was able to bring large micronsize particles to the cell culture section. Thus, a liquid carrier is suggested for large particles to deliver cells in microchips. Precise nanoparticle tracking requires expensive experimental set-up. However, numerical simulation provides a nearly complete understanding of the flow field and the patterns of particle deposition in microchips. It can significantly lower the trial and error of the experiment tests and accordingly save considerable cost and time for drug delivery in the cell culture microdevices in drug screening assay.
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